Abstract-This paper presents the mechatronic design and experimental validation of a novel powered knee-ankle orthosis for testing torque-driven rehabilitation control strategies. The modular actuator of the orthosis is designed with a torque dense motor and a custom low-ratio transmission (24:1) to provide mechanical transparency to the user, allowing them to actively contribute to their joint kinematics during gait training. The 4.88 kg orthosis utilizes frameless components and light materials, such as aluminum alloy and carbon fiber, to reduce its mass. A human subject experiment demonstrates accurate torque control with high output torque during stance and low backdrive torque during swing at fast walking speeds. This work shows that backdrivability, precise torque control, high torque output, and light weight can be achieved in a powered orthosis without the high cost and complexity of variable transmissions, clutches, and/or series elastic components.
I. INTRODUCTION
Physical training is often needed for patients to relearn how to walk after a stroke [1] - [3] . However, the frequency and availability of physical training are limited by finite medical resources. To address this, researchers are investigating powered lower-limb rehabilitation orthoses to relieve the repetitive and physically tasking duties of therapists as well as to improve patient recovery efficacy [4] . Currently, most lower-limb rehabilitation orthoses are stationary and only available in a small number of hospitals, due to high cost and large size. A personal mobile lower-limb orthosis that can be used in the clinic or at home is desirable for different rehabilitation purposes [5] .
Due to the high torque requirements of lower-limb joints, past research has focused on increasing the torque density of powered orthoses to provide enough output torque within an acceptable weight. Consequently, the combination of a highspeed motor and a high-ratio transmission, e.g., ball screw or harmonic drive, is common in powered lower-limb orthoses [6] - [11] . However, the use of a high-ratio transmission results in high mechanical impedance, which means that the user cannot move their joints without help from the orthosis. An orthosis is said to be backdrivable if users can drive their joints without a high resistive torque from the orthosis. Backdrivability may not be necessary for patients who cannot contribute to their walking gait, e.g., patients with spinal cord injuries. For patients who still have some control of their legs, a backdrivable orthosis can promote user participation and provide comfort during physical therapy. In particular, a mobile powered lower-limb orthosis for stroke rehabilitation purposes should be as mechanically transparent as possible.
In addition, advanced torque control methods for emerging physical therapies (e.g., [12] - [16] ) require the orthosis to accurately control its torque output during locomotion [17] . Series Elastic Actuators (SEA) have been widely researched [18] and applied in mobile orthoses to address the above two requirements: backdrivability and torque control [19] - [23] . In particular, a torque control system can be implemented by measuring the displacement of elastic components. Active backdrivability can then be achieved by servoing the spring displacement to zero. However, current orthoses with SEA suffer from various limitations, such as low output torque [19] , [20] , complex system architecture [22] , [24] , bulky size [23] , or limited force/torque control bandwidth [20] , [25] .
This paper presents the design of a novel powered kneeankle orthosis that achieves 1) high output torque without a high-ratio transmission and 2) precise torque control and backdrivability without series elastic components. To eliminate the need for a high-ratio transmission, the presented orthosis uses a high torque density electrical motor. A distributed low-ratio transmission is designed to reduce the mechanical impedance and allow the user to easily move their joints. The compact, lightweight actuator provides enough torque and power output to assist the knee and ankle joints during human locomotion. In particular, the orthosis can achieve a continuous output torque of 30 Nm (and 60 Nm peak torque) at each joint during normal walking speeds. Each actuator weighs less than 1.2 kg and thus has a higher torque density than previous low-ratio orthosis actuators [26] , [27] . A closed-loop torque control system with a reaction torque sensor can precisely achieve assistive or resistive torques for different physical therapies.
Although high torque output and backdrivability are typically considered tradeoffs in wearable robots, the presented orthosis successfully balances the core requirements of rehabilitation training: backdrivability, torque control, high torque density, and light weight. Our experimental results demonstrate that high torque output during stance phase and low backdrive torque during swing phase can be achieved without using a clutch [28] or variable transmission [29] . Instead of increasing the ratio of the transmission as in previous designs, the presented orthosis achieves a high output torque by increasing the torque density of the electrical motor. This work demonstrates that the core requirements of a powered orthosis can be met with a nearly direct drive actuation system, which has several advantages in the context of legged locomotion [30] . In particular, the custom lowratio transmission of the presented orthosis provides intrinsic backdrivability without the cost and complexity of variable transmissions, clutches, and/or series elastic components.
The designs of the actuation, torque control, and feedback systems are presented in Section 2. Several experiments are presented to verify key features for the orthosis system in Section 3. Concluding remarks are given in Section 4.
II. DESIGN OF ORTHOSIS SYSTEM
This section presents the design of the powered unilateral lower-limb orthosis, including the actuation system, electrical system, and torque control system. A photo and rendering of the overall system are shown in Fig. 1 . The ankle and knee are actuated to dynamically offload body weight from the affected leg of a stroke patient as proposed in [12] . The two actuator modules are attached to a knee-ankle-foot orthotic brace to drive the knee and ankle joints. Torque is transferred to the human ankle through a carbon fiber shoe insert. Several sensors are installed on the brace and the actuator modules to monitor key variables of the gait cycle. A block diagram for the whole orthosis system is shown in Fig. 2 . The different systems are described below. 
A. Actuation System Design
To provide a sufficient torque output for gait training, the actuation system is designed to generate 30% of the torque and power of healthy human joints during level-ground walking according to previously reported data [31] . The targeted requirements are shown in Fig. 3 . To avoid using a highratio transmission, the motor needs to generate higher torque. A high torque density PMSM (i.e., AC servo motor) is used to provide sufficient input torque and power to the transmission. By optimizing the motor winding configuration, the custom motor (MF0096008, Allied Motion, Inc.) can produce 7.2 Nm peak torque and 200 W power. The PMSM has distributed windings to reduce the torque ripple and produce a smoother torque output [32] .
A distributed two-stage low-ratio transmission is designed for the actuator. A poly chain GT carbon timing belt (3MR, ratio 4:1, Gates Industry, Inc.) is used to amplify the motor torque and to move the actuator weight closer to the user's center of mass, which minimizes the metabolic burden of added weight during locomotion [33] . A custom 6:1 planetary gear transmission is built inside the driven sprocket of the timing belt to minimize weight and size. The overall ratio of the two-stage transmission is 24:1 with an estimated efficiency of 90%. The schematic of the actuator is shown in Fig. 4 . This actuator design achieves the required torque output by increasing the torque density of the electrical motor rather than the ratio of the transmission. The reflected inertia is dramatically reduced by using the low-ratio transmission. Consequently, intrinsic backdrivability is achieved without any sensing or control. The combination of the torque dense motor and the distributed low-ratio transmission can produce 156 Nm output torque in theory. However, the motor's torque is limited by a thermal condition, and the motor's velocity output is limited by working voltage. To balance the torque and velocity requirements, the actuation system is designed to provide 30 Nm continuous torque output with peak velocity 80 RPM. The motor driver's maximum current (30 A) and the mechanical structure limit the peak torque to 60 Nm. The mechanical structure of the actuation system is mainly manufactured with aluminum alloy. Several carbon fiber mechanical pieces are used to reduce heavy metal material and enhance the strength of the actuation system. With the use of a frameless motor and a custom transmission, all core components are integrally designed with the mechanical structure to further reduce the weight of the orthosis. For instance, the motor housing is part of the main structure of the orthosis. The final weight of each actuation system is less than 1.2 kg. The orthosis weight specification is shown in Table I .
B. Electrical System Design
The electrical system of the lower-limb orthosis has two main parts: a high-level gait control system and a low-level actuator drive system. The gait control system monitors the key variables of the user's gait to implement any given torquebased rehabilitation algorithm. The actuator drive system drives the actuator to track torque commands from the gait control system. The block diagram of the electrical system is shown in Fig. 5 . The gait control algorithm is implemented on a myRIO 1900 microcontroller (National Instruments, Inc.), which has a dual-core ARM microprocessor and a Xilinx FPGA. To achieve different torque based rehabilitation control algorithms, several features from the user's gait cycle (e.g., gait phases and joint angles) are measured by the following sensors. The phase of gait, e.g., stance vs. swing, is detected with two force sensing resistors (FlexiForce A301, Tekscan, Inc.) embedded into a flexible insole, which is placed beneath the user's foot in their shoe. These two force sensors are placed along the normal path of the center of pressure, with one under the heel and the other under the ball of the foot. The insole is printed from a rubber-like polyjet photopolymer by a Connex 350 3D printer. Two magnetic incremental encoders (6400 CPR, LM13, Renishaw, Inc.), which are located at the output shaft of the actuator, measure the ankle and knee angles. The components and I/O channels of the high-level gait control system are integrated through a custom Printed Circuit Board (PCB).
The actuator drive system is designed to precisely control each actuator. The PMSM is driven by a field oriented motor controller (G-TWI-25/100-SE, Elmo Motion Control, Ltd.), which has faster response time and less torque ripple compared to trapezoidal motor control [34] . Three halleffect sensors (SS461A, Honeywell, Inc.) and a magnetic incremental encoder (6400 CPR, LM13, Renishaw, Inc.) are attached to the motor to obtain accurate absolute position feedback for the field oriented motor controller. A reaction torque sensor (M2210E, Sunrise Instruments Co., Ltd.) is installed at the output shaft of the actuator to measure the real torque output from the actuator. A custom low-level PCB for each joint integrates the I/O signals from sensors and motor drivers and communicates with the high-level PCB through a HD-15 cable. The following section describes how the actuator drive system controls the joint torque output.
C. Torque Control System Design
A common method for torque control is based on estimating the actuator's output torque through the motor phase currents and the transmission ratio and efficiency. The electromagnetic motor torque T e and actuator output torque T a are given by the following equation:
where P is the number of motor poles, λ m is the motor flux linkage, I q is the active current in the d-q rotating reference frame and is calculated by the Clark and the Park transformation [35] , η is the transmission efficiency, and τ is the transmission ratio. Equation (1) determines the reference motor current to achieve the desired output torque, and the reference motor current is regulated by a proportional-integral (PI) control loop around the motor driver (the inner loop in Fig. 6 ). Typically, the transmission efficiency η is not constant during dynamic motion, causing inaccurate torque estimates from equation (1) and thus inaccurate actuator output torques. One of the potential benefits of low-ratio transmissions is a more constant transmissions efficiency for more accurate current-based torque control. For comparison, we also implemented a second (outer) torque control loop to compensate the torque error measured by the reaction torque sensor. Both loops (inner current loop and outer torque loop) use PI control to enforce the commanded torque. The control schematic is shown in Fig. 6 . 
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Gait Control System Actuator Drive System Fig. 6 . Torque control system schematic, where θ j represents joint angles, F 1 and F 2 are ground reaction forces, Tr is torque reference, T f is actuator torque output feedback, Ir is current reference, and Iq is motor active current [35] . The phase selector detects the stance and swing phase. The stance and swing controllers produce the torque reference. The actuator drive system contains two closed-loop PI controllers. The inner loop is the current PI controller which controls the motor's current. The outer loop is the torque PI controller to compensate for the actuator's torque error.
D. Actuator Bandwidth Test
Before experimenting with human subjects, a closed-loop velocity bandwidth test of the actuation system's dynamic performance was performed. Although the control objective may vary between different rehabilitation algorithms, actuator velocity is an important variable to evaluate system dynamic performance. In the closed-loop velocity bandwidth test, the motor was controlled by field oriented control over various frequencies, and the actuator's output velocity was recorded. A simple PD velocity control loop was implemented through the motor controller. During this long experiment time, the motor was limited to its continuous working current of 10 A for safety reasons. The target velocity of the bandwidth test is set to 1000 RPM, which is a normal operating velocity during walking. The experiment results in Fig. 7 show that the actuator's bandwidth frequency is 12 Hz, which is higher than that required for normal human walking (4-8 Hz) [31] . Fig. 7 is a conservative estimate based on the continuous current of the motor, and the bandwidth frequency would increase with peak current above 10 A. Fig. 7 . Magnitude of the Velocity Closed-loop Bandwidth: The frequency at -3 dB is 12 Hz, which shows that the presented orthosis has sufficiently fast dynamic performance for gait assistance.
III. HUMAN SUBJECT EXPERIMENTS AND RESULTS
The orthosis design was validated in two experiments with a healthy human subject wearing the orthosis while walking on a treadmill. A passive walking test (i.e., zero command torque) was conducted to demonstrate both intrinsic and active backdrivability. A high torque walking test (using a high-level quasi-stiffness controller [36] ) then demonstrated the output torque and power capabilities of the orthosis.
A. Experimental Setup
The experimental setup is shown in Fig. 8 . The orthosis was attached to a knee brace and tightened with four flexible straps around the subject's right leg. The subject wore a back brace which carried the gait control system. A strap connected the orthosis and the back brace to help suspend the weight of the orthosis.
The human subject experiment was approved by the Institutional Review Board of UT Dallas. A safety harness was attached to the subject's torso to prevent falling. Additionally, a safety button was held in the subject's hand during the experiments. If the button were to be released, the actuation drive system would be deactivated. Passive and high torque walking tests were conducted with this experimental setup. The treadmill speed was set to 2.0 miles per hour (MPH) for passive walking test and 2.7 MPH for high torque tests, which is faster than a stroke patient's normal walking speed. The faster walking speed was chosen to examine dynamic backdrive conditions and to demonstrate the high power capabilities of the device. Data was recorded once the subject reached a steady gait (after about 5 steps). A supplemental video recording is available for download.
B. Passive Walking Test
The command torque for both joints was set to zero for the passive walking test. The subject began this test with active torque compensation enabled, i.e., using the double-closedloop torque controller. After several steps, the user released the safety button and deactivated the actuator. The torque sensor, located at the actuator's output shaft, measured the torque between the human and the orthosis during walking on the treadmill. The backdrive torques with and without torque compensation are shown in Fig. 9 . Each curve was calculated by the average absolute value of 10 steady steps before and after the button releasing moment. The shaded regions represent ±1 standard deviation about the mean.
The amplitudes of the intrinsic backdrive torques were lower than 8 Nm. The peak backdrive torque of the ankle joint occurred during early stance, primarily due to heel contact. The ankle's intrinsic backdrive torque during swing was only 2.5 Nm. The intrinsic backdrive torques would likely be smaller in a clinical application, where slower walking speeds are expected.
By using the double-closed-loop torque controller, the backdrive torques were further reduced. The mean value of the average absolute torque was reduced by 22.9% for the ankle joint and 63.13% for the knee joint. The peak backdrive torque was reduced by 57.87% for the ankle joint and 63.56% for the knee joint. Aside from the actuation system, misalignment of the orthosis brace and heel contact contributed to the remaining backdrive torque. 
C. High Torque Walking Test
The high torque walking test aimed to validate the output torque and power capabilities of the orthosis. We adopted Quasi-Stiffness Control as an example control strategy, which implements a virtual spring at each joint based on the slope of the desired torque-angle curve for healthy human walking [36] , [37] . Quasi-stiffness directly maps the measured joint angle to the command torque, providing a simple high-level controller for high torque testing. Quasi-stiffness determined the command torque during the stance period, whereas the reference torque was set to zero during swing to further validate backdrivability. To simplify implementation, we adopted the average of the knee quasi-stiffness values of the stance phase presented in [38] for the knee joint. Two different ankle quasi-stiffness values from [39] were used for the ankle joint. The control law is given by If stance
where u knee and u ankle denote the torque being applied at the knee and ankle joints, α = 0.3 denotes the 30% support ratio, θ a and θ k denote the relative angles for the ankle and knee joints, and K k = 6.29 Nm · deg −1 is the quasistiffness value for the knee joint. An angular thresholdθ was manually tuned to trigger the transition from ankle dorsiflexion with K a1 = 6.53 Nm · deg −1 to plantar-flexion with K a2 = 21.16 Nm · deg −1 . The stance and swing transitions were detected using two force sensors located at the heel and toe part of the shoe insert. We defined ankle plantarflexion and knee flexion as the positive angular directions. To guarantee safety and smooth transitions, we applied a fading process when switching between phases, i.e., using the weighted sum of the stance and swing torque laws.
We implemented two different low-level actuator drive modes with this high-level control strategy. The current control mode only used the inner current loop in Fig. 6 to control the actuator torque output. The second mode used the double-closed-loop torque controller in Fig. 6 to compensate the measured torque error. The parameters of the torque PI controller were manually tuned to minimize backdrive torque, whereas the current PI parameters were tuned to minimize response time. The ankle's torque reference was set to zero at the beginning of each stance phase to avoid vibration from heel contact.
Before beginning the high torque test, the feedback for the two force sensors was calibrated for detecting the transitions between stance and swing. The angle feedback for all joints was initialized while the subject stood in a upright position. The mean and variance over 10 steady steps with both lowlevel actuator drive modes are shown in Fig. 10 .
The orthosis produced high torque and power outputs at the selected walking speed. The peak value of the positive power and torque output reached 30 W and 27 Nm, respectively. The peak torque output of a single step was up to 30 Nm at the ankle. The demonstrated output torque and power could aid stroke patients in a variety of therapies and rehabilitation stages, including progressive walking speeds.
The peak ankle power (30 W) was lower than expected during late stance. By comparing with the passive walking case, we found that ankle dorsiflexion during early stance was reduced by the high extension torque command of the quasistiffness controller. The reduced ankle motion resulted in less power output. The performance of the orthosis will likely be improved in the future with more advanced torque-based control algorithms, e.g., potential energy shaping control [12] .
The torque controller tracked the torque reference well during stance phase and swing phase. The current controller only tracked the torque reference accurately during stance phase, and had a large torque error during swing phase, which is shown in Fig. 10(a) . The low-ratio transmission allowed an almost linear torque constant between the motor current and the actuator output torque. This allowed the current controller to estimate the actuator torque output accurately during stance phase. The torque error of the current controller during swing phase was mainly caused by the intrinsic backdrive torque.
The performance of the current controller shows the possibility to implement a torque control system without using a torque sensor if the intrinsic backdrive torque can be further reduced in the mechanical design.
IV. CONCLUSION AND FUTURE WORK
This paper presented the design and validation of a light-weight, mobile, powered knee-ankle orthosis for gait rehabilitation training. By designing the orthosis with a torque dense motor and a low-ratio transmission, intrinsic backdrivability and high torque and power output are achieved with a simple structure. At the same time, the presented orthosis can maintain and track a high torque output at a high walking speed. These advantages affirm that the presented orthosis is a suitable platform for testing different rehabilitation control strategies.
Since the actuator is nearly a direct drive system, it demonstrates several advantages, such as improved dynamic performance, reduced intrinsic backdrive torque, and an almost linear torque constant. If intrinsic backdrive torque can be further decreased in the design, it will be possible to control the actuator's output torque with motor current feedback instead of torque sensor feedback. This would allow the cost and weight of the torque sensors to be removed from the orthosis design.
Future work will involve implementing more advanced torque control algorithms such as [12] and performing experiments with patient subjects. Design improvements will be investigated to enhance the motor torque density and intrinsic backdrivability. A battery system with regenerative power electronics will also be added to the back brace for untethered operation of the orthosis.
